1. Introduction {#sec0005}
===============

Photoacoustic imaging (PAI) is a non-invasive, and non-ionizing imaging modality based on optical absorption/excitation and ultrasound detection \[[@bib0005]\]. It offers the contrast and spectral behavior of optical imaging combined with the high penetration depth and spatial resolution of acoustic imaging due to weak ultrasound scattering in biological tissue. In PAI, tissue is illuminated by a nanosecond laser pulse. Endogenous or exogenous molecules will absorb this incident energy to produce a fast local temperature increase; acoustic waves then propagate inside the tissue due to thermal expansion. Wideband ultrasound transducers can detect photoacoustic signal via *trans*-abdominal \[[@bib0010]\] or intra-vascular \[[@bib0015]\] settings, and the combination of PAI with ultrasound can offer functional details as well as anatomical and structural information \[[@bib0020], [@bib0025]\]. This high-resolution modality has been used to image endogenous chromophores (melanin, hemoglobin, etc.) and exogenous contrast agents \[[@bib0030]\] in different medical applications including molecular imaging \[[@bib0035], [@bib0040], [@bib0045], [@bib0050]\], oncology \[[@bib0055], [@bib0060]\], ophthalmology \[[@bib0065], [@bib0070]\], cardiology \[[@bib0075]\], and neurology \[[@bib0080], [@bib0085]\].

When selecting a photoacoustic excitation source, one should consider the pulse width of the light source, the pulse energy, repetition rate, wavelength, and the spectral width of the source. These should be compared to the absorption behavior of the target tissue/contrast agent. High energy Nd:YAG lasers are the most common PAI excitation sources. These lasers generate 4--7 ns pulses with mJ energy levels. The repetition rates are limited to between 10 and 30 Hz. NIR optical parametric oscillator (OPO) or dye lasers are the most common \[[@bib0090]\]. However, dual modality imaging systems (ultrasound/photoacoustic) with these lasers are bulky, expensive, and suffer from wavelength and power intensity fluctuations. These systems typically use a laser enclosure system to shield the operator from the incident irradiation, but this is cumbersome and prevents the operator from directly interacting with the sample or subject. While miniaturized OPOs offer a small footprint \[[@bib0095], [@bib0100]\], they remain delicate and expensive and require regular maintenance.

To overcome these limitations, pulse laser diodes (PLD) have been utilized as an illumination light source in different PAI configurations such as optical resolution microscopy (OR-PAM) \[[@bib0105], [@bib0110]\] and photoacoustic computed tomography (PACT) \[[@bib0115], [@bib0120]\]. For example, Daoudi et al. \[[@bib0125]\], developed a compact and ergonomic handheld dual modality (ultrasound/photoacoustic) probe using PLD with axial resolution of 0.28 mm and lateral resolution between 0.4 mm and 0.6 mm as well as considerable penetration depths (15 mm). More recently, light emitting diodes (LEDs) have also been used for PAI \[[@bib0130]\]. These inexpensive, compact, and multi-wavelength LED-based designs were shown in Allen et al. \[[@bib0135]\], and Adachi et al. \[[@bib0140]\] for photoacoustic microscopy (PAM).

Indeed, LEDs solve many issues in the clinical translation of PAI. Most importantly, they offer a significant reduction in cost, are significantly more stable than OPO-based systems, and take up only a fraction of the space. This stability and reduced footprint makes LED-based systems portable \[[@bib0145]\]. Furthermore, LEDs do not have to be in a light-tight enclosure, which can restrict many clinical procedures. There are several clinical examples were this would be useful including the gastrointestinal imaging of Zhang et al. \[[@bib0150]\] and the brain resection work of Kircher et al. \[[@bib0155]\].

In addition, we \[[@bib0160]\] and others \[[@bib0165], [@bib0170]\] have recently utilized photoacoustic imaging techniques for real-time monitoring of therapeutics or disease biomarkers such as circulating tumor cells, heparin, or lithium \[[@bib0175], [@bib0180]\]. These applications are ideally suited for LED-based illumination because they need low cost and portable excitation sources. They perturb only the first few millimeters of tissue, and thus do not require the high energy of OPO-based lasers. Thus, this work with wearable photoacoustic imaging applications motivated us to pursue a commercially available LED-based photoacoustic scanner.

In this study, we characterize a commercially available LED-based photoacoustic system, defined here as a portable LED-based photoacoustic imaging (PLED-PAI). In the following sections, we describe system specification, light source characterization, photoacoustic spatial/temporal resolution, and penetration depth. We then report this system's performance with common exogenous photoacoustic contrast agents including pilot rodent *in vivo* applications.

2. Methods and materials {#sec0010}
========================

2.1. System description {#sec0015}
-----------------------

The PLED-PAI consists of an optical path and an acoustic path and was purchased from Prexion Corporation. (Tokyo, Japan; [Fig. 1](#fig0005){ref-type="fig"}). High density, high power light emitting diodes (Prexion Corporation, Tokyo, Japan) are used as an excitation source. Two LED arrays are attached to either side of an ultrasound transducer. Each LED array includes 4 rows of 36 single embedded LEDs. Each LED array has 2 rows with 850 nm excitation and 2 rows with 690 nm excitation. One array is placed on each side of the transducer for four rows at each wavelength ([Fig. 1](#fig0005){ref-type="fig"}D). Each LED array head has dimension of 12.4 mm (height), 86.5 mm (length), and 10.2 mm (width). The LED pulse width can be changed from 50 ns -- 150 ns with a 5 ns step size. The LED pulse repetition rate is tunable between 1 K Hz, 2 K Hz, 3 K Hz, and 4 K Hz; the temporal resolution is dependent on choice of repetition rate. Photoacoustic signals are generated after each LED pulse. The 128 elements of the linear array transducer detect the photoacoustic signal in parallel and this reconstructs one frame. The frame rate in PLED-PAI is equal to the LED repetition rate because it has parallel acquisition channels in this system.Fig. 1Schematic and photograph of LED-based photoacoustic system. A) Schematic of the PAI system using LED array light source. B) Photograph of PLED-PAI probe associated with motorized stage. C) Whole imaging setup includes PC and processing unit, data acquisition, LED driver, ultrasound transducer, LED light source, and motorized stage. D) PLED-PAI probe with imaging plane and illumination source are shown schematically. LED array design is also shown in the inset---there were alternating rows of LEDs with different wavelengths.Fig. 1

LED systems have lower power, and averaging is used to minimize noise. This affects the frame rate. There are a defined number of averages that change as a function of LED pulse repetition rate. In turn, these averaging options define the frame rate and temporal resolution. Options include: 1 K Hz (32, 64, 96, 160, 320, 640, 1600, 3200, and 6400 averages), 2 K Hz (64, 128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), 3 K Hz (128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), and 4 K Hz (128, 256, 384, 640, 1280, 2650, 6400, 12800, and 25600 averages). Therefore, the PLED-PAI can have frame rates of 30 Hz, 15 Hz, 10 Hz, 6 Hz, 3 Hz, 1.5 Hz, 0.6 Hz, 0.3 Hz, and 0.15 Hz. There are different methods rather than averaging to minimize the noise. Golay codes \[[@bib0185]\], empirical mode decomposition (EMD) \[[@bib0190]\], wavelet-based methods, and Wiener deconvolution have been applied to low SNR photoacoustic and are reported in the literature \[[@bib0195], [@bib0200]\].

The acoustic path uses an ultrasound pulse/receive linear array transducer with 128 channels and central frequency of 10 MHz with bandwidth of 80.9%. (PreXion Corporation, Tokyo, Japan). Each element is 3.5 mm long with a pitch of 0.3 mm. An acoustic lens focuses the ultrasound at ∼15 mm. The maximum ultrasound detection depth is 38 mm. The data acquisition unit has a dynamic range of 16 bits with 1024 samples for each element. The sampling rates of the photoacoustic and ultrasound modalities are 40 MHz and 20 MHz, respectively. The LED driver triggers and synchronizes the illumination and ultrasound detection ([Fig. 1](#fig0005){ref-type="fig"}A). The photoacoustic signals are generated and stored after each LED pulse. B-mode photoacoustic and ultrasound images are reconstructed using a delay-and-sum (DAS) \[[@bib0205]\] and Fourier transform analysis (FTA) \[[@bib0210]\]. The transducer can be scanned in one direction to acquire three-dimensional (3D) data.

2.2. LED beam characterization {#sec0020}
------------------------------

### 2.2.1. LED beam profile {#sec0025}

To evaluate the excitation sources, parallel lines were printed 2 mm apart on transparency films and placed inside a 1% agar phantom ([Fig. 2](#fig0010){ref-type="fig"}A). The PLED-PAI was placed 2 cm from the lines. Thus, identical absorbers with the same thickness values at the same depth were used to characterize the LED light source based on the photoacoustic signal that they produce. The probe scans in one direction using a motorized translation stage (OptoSigma Corporation, CA, USA) for 10 mm. A maximum intensity projection (MIP) was used to reconstruct the 3D image. To analyze each line in the MIP, we converted the MIP image to an 8-bit TIFF file using ImageJ 1.48 v \[[@bib0215]\]. Ten different regions of interest (ROI) were used to measure the accumulative photoacoustic intensity on each line.Fig. 2LED beam characterizations of PLED-PAI system. A) Parallel lines were printed on transparency film and placed inside 1% agar. The distance between the lines is 2 mm. B) LED fluence per pulse versus pulse width for 690 and 850 nm. C) MIP image for sixteen parallel lines with a scan size of 10 mm. D) The line profile along the dotted line in C**.** E) Statistical analysis of each line and the averaged PA intensity along all sixteen lines. Error bars show standard deviation between different ROIs in each printed line. F) LED power stability (in different repetition rates) versus time when PLED-PAI is placed inside the water. G) LED power statistical parameters when PLED-PAI is in water for 500 s. H) LED power stability (in different repetition rates) versus time when PLED-PAI is placed inside the air. I) LED power statistical parameters for PLED-PAI in air for 200 s.Fig. 2

### 2.2.2. LED power and stability {#sec0030}

To measure the LED stability, a photodiode sensor was positioned 5 mm from the LED sources (small aperture (1 cm) photodiode sensor (S120C, Thorlabs Inc., USA)). We studied the LEDs at four different repetition rates (1, 2, 3, and 4 K Hz) while immersed in water (for 500 s) and air (for 200 s). The temperature of the LED surface and the heat sink was recorded. The power delivered from the LED arrays was calculated using a standard photodiode sensor (S120C, Thorlabs Inc., USA) at 690 and 850 nm.

2.3. Photoacoustic spatial resolution {#sec0035}
-------------------------------------

### 2.3.1. Axial resolution {#sec0040}

To measure the axial resolution, a black human hair was embedded inside a 1% agar phantom. A bright field microscopy imaging system (Life Technologies Inc., Ca, USA) was used to calculate the hair diameter (100.15 ± 5.60 μm) ([Fig. 3](#fig0015){ref-type="fig"}A). The hair was positioned 2 cm below the transducer. Photoacoustic images were reconstructed using FTA methods for all conditions (1 K Hz (32, 64, 96, 160, 320, 640, 1600, 3200, and 6400 averages), 2 K Hz (64, 128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), 3 K Hz (128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), and 4 K Hz (128, 256, 384, 640, 1280, 2650, 6400, 12800, and 25600 averages)). The axial profile was plotted and fitted to a Gaussian distribution. The full width half maximum (FWHM) was calculated using MATLAB software (MathWorks Inc.).Fig. 3Axial resolution by measuring photoacoustic point spread function using a human black hair. A) Photograph and bright field microscopy image of black hair inside 1% agar phantom. The thickness of the hair is 100.1 ± 5.6 μm. B) Photoacoustic image of hair. Image size is 3.5 cm × 4 cm. The image is reconstructed using the FTA algorithm. C) Lateral profile along dotted line for all conditions with different colors (1 K Hz (32, 64, 96, 160, 320, 640, 1600, 3200, and 6400 averages), 2 K Hz (64, 128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), 3 K Hz (128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), and 4 K Hz (128, 256, 384, 640, 1280, 2650, 6400, 12800, and 25600 averages). There is no significant difference in lateral profile in this phantom as a function of repetition rate or averages. D) Axial profile for all conditions with different colors. E) Fitted Gaussian distribution on the axial profile with measured FWHM. Axial resolution is 268 μm.Fig. 3

### 2.3.2. Lateral resolution {#sec0045}

To characterize the lateral resolution, parallel lines (150 μm wide) with different distances (from 1.1 mm to 0.55 mm) were printed on a transparency film ([Fig. 4](#fig0020){ref-type="fig"}A). After placing the transparency films at various distances inside 1% agar, photoacoustic images were acquired using PLED-PAI with FTA image reconstruction. Bright field microscopy was used to measure the accurate spacing between lines, and PAI line profiles were used to measure the lateral resolution.Fig. 4Lateral resolution measurement of LED-based photoacoustic imaging system. A) Parallel lines with various spacing (1.1 mm, 0.83 mm, 0.75 mm, 0.59, and 0.55 mm) are printed on transparency film and placed inside 1% agar phantom. B) Photoacoustic image for 1.1 mm spacing between lines. C) 0.83 mm spacing. D) 0.75 mm. E) 0.59 mm. F) 0.55 mm. G) Lateral profile for two different samples (0.59 mm and 0.55 mm). This plot shows that LED-based photoacoustic imaging can distinguish lines when there is 0.59 mm spacing between lines. The 0.55 mm spacing cannot be resolved by this imaging system. H) Bright field microscopy image for 0.59 mm spacing. I) Bright field microscopy image for 0.75 mm spacing.Fig. 4

2.4. Photoacoustic penetration depth {#sec0050}
------------------------------------

To evaluate the PLED-PAI system penetration depth, chicken breast tissue was used as a scattering media. A single pencil lead (0.5 mm HB, Newell Rubbermaid, Inc., IL, USA) was inserted inside chicken breast as an optical absorber at different distances from the transducer surface ([Fig. 5](#fig0025){ref-type="fig"}A) \[[@bib0220]\]; 850 nm LEDs were used as the illumination source. This sample was scanned at different depths (1.8 cm, 2.4 cm, and 3.2 cm) with different frame rates (30 Hz, 15 Hz, 10 Hz, 6 Hz, 3 Hz, 1.5 Hz, 0.6 Hz, 0.3 Hz, and 0.15 Hz). To have a more realistic absorber, ten μL blood were placed inside Teflon light wall tubes (Component Supply Company, FL, USA). These were scanned at a depth of 1.5 and 2.2 cm with different frame rates. Contrast is defined as a ratio of photoacoustic (*S*) and background noise (*N*) intensity in the photoacoustic image ($C = \frac{S}{N}$). The photoacoustic images are reconstructed using FTA methods.Fig. 5Penetration depth measurement of PLED-PAI. A) Experimental configuration includes chicken breast tissue with pencil lead 3.2 cm deep. B) Photoacoustic image of pencil lead 1.8 cm deep with a frame rate (FR) of 30 Hz C) Depth of 2.4 cm when FR = 30 Hz. D) Depth of 3.2 cm when FR = 6 Hz. By increasing the depth, the photoacoustic system acquires more averages (decrease the frame rate) to improve SNR. E) Depth of 3.2 cm when FR = 0.6 Hz F) B-mode ultrasound image of pencil lead 3.2 cm deep with a frame rate of 0.6 Hz. The ultrasound resolution at 10 MHz does not clearly discriminate the target. G) Photoacoustic image of pencil lead 3.2 cm deep when FR = 15 Hz. The SNR decreases by increasing the frame rate. Object is poorly defined with low contrast. H) Signal to background noise as a function of depth and frame rate. Panels I-K are blood samples below chicken breast tissue. Panel I is a frame rate of 0.15 Hz J) Photoacoustic image of blood sample 2.2 cm deep when frame rate of 0.15 Hz K). Signal-to-background noise as a function of depth and frame rate for blood sample inside the chicken breast. If the contrast is lower than the detection limit (S/N \< 3), then the specimen cannot be detected.Fig. 5

To measure the signal and the noise, a window of 4 pixels × 4 pixels was placed where the image has a high photoacoustic intensity, and the mean intensity of the pixels in this 4 × 4 area was calculated. The same procedure was utilized to measure the background noise intensity: a 4 pixel × 4 pixel window was positioned 2 mm away from the object, and the background noise intensity mean values are measured---contrast values above 3 are considered recognizable ([Fig. 5](#fig0025){ref-type="fig"}G).

2.5. Exogenous contrast agent in photoacoustic imaging {#sec0055}
------------------------------------------------------

Indocyanine green (ICG) (Chem-Impex Int'l Inc., IL, USA), methylene blue (MB) (Fisher Science Education Inc., PA, USA), and 1,1′-dioctadecyl-3,3,3′,3′-tetramethylindo-tricarbocyanine iodide (DiR) (Biotium Inc., CA, USA) were purchased and dissolved in deionized (DI) water (ICG and MB) or dimethyl sulfoxide (DMSO) (DiR). Ten μL of each solution (36 μM, 18 μM, and 9 μM ICG; 1.5 mM, 0.75 mM, and 0.37 mM MB; and 136 μM, 68 μM, and 136 μM DiR) were used for photoacoustic imaging. Samples were placed inside Teflon light wall tubes (Component Supply Company, FL, USA) and positioned under 1 cm layer of 2% intralipid (20%, emulsion, Sigma-Aldrich Co, MO, USA) mixed with agar. Water or DMSO served as controls. ICG and DiR used 850 nm excitation, and MB used 690 nm excitation. All samples were scanned at a depth of 10 mm from the transducer, and a MIP was used to reconstruct the images. We repeated this at higher concentrations (640 μM, 320 μM, and 160 μM ICG; 6 mM, 3 mM, and 1.5 mM MB; and 592 μM, 296 μM, and 148 μM DiR). ImageJ 1.48 v was used to do statistical analysis. Ten different regions of interest (ROI) were used to measure the average photoacoustic intensity for each sample.

2.6. *In vivo* imaging using PLED-PAI {#sec0060}
-------------------------------------

All animal experiments were performed in compliance with the Institutional Animal Care and Use Committee established by University of California San Diego. Male mice were anesthetized with 2.5% isofluorane in oxygen at 1.5 L/min.

Poietics human mesenchymal stem cells (HMSCs; Lonza, PT-2501, NJ, USA) were grown in supplemented media (Lonza, PT-3001, NJ, USA) and seeded in a T75 flask at a concentration of 5000 cells/cm^2^. Cells (400,000) were labeled with 9.8 mM DiR and incubated under standard conditions for 20 min. The HMSCs were washed with PBS to remove free nanoparticles and detached using TrypLE Express (Life Technologies Inc., Ca, USA). Then, 100 μL of three different materials such as only DiR (positive control), HMSC labeled with DiR (DiR @ HMSC), and HMSC (negative control) were subcutaneously injected on the spinal cord of male mice as an in- vivo experiment. B-mode photoacoustic/ultrasound images were reconstructed using the FTA algorithm.

3. Results and discussion {#sec0065}
=========================

3.1. LED beam characterization {#sec0070}
------------------------------

The beam characterization is divided into three parts: LED beam profile, illumination stability, and LED power. We first measured the consistency of the LED illumination power across the scanning area, i.e., the beam profile. Since 70 ns pulse width has almost the highest LED fluence for both 690 and 850 nm ([Fig. 2](#fig0010){ref-type="fig"}B), we used this number as pulse width in all experiments. The temporal shape of excitation pulses and LED spectrums are shown in Supplementary Fig. 1S A, B, C. The power from the LED arrays at 690 nm and 850 nm with 70 ns as pulse width was measured to be 9.85 mW/cm^2^ (2.6 μJ/cm^2^ per pulse) and 31.55 mW/cm^2^ (9 μJ/cm^2^ per pulse), respectively for 4 K Hz repetition rate. [Fig. 2](#fig0010){ref-type="fig"}C shows a maximum intensity projection (MIP) image of the printed transparency. [Fig. 2](#fig0010){ref-type="fig"}D is a line profile along the dotted line on [Fig. 2](#fig0010){ref-type="fig"}C. The photoacoustic intensities were averaged and are shown in [Fig. 2](#fig0010){ref-type="fig"}E for each line. The error bars show the standard deviation along all intensities and ROIs. The average intensity of lines 3 through 14 (6 mm from either side of the transducer) is 18.43% higher than the values seen on the sides ([Fig. 2](#fig0010){ref-type="fig"}D, E).

Next, the stability of the LED (850 nm) intensity was measured with a variation (between maximum power and minimum power) of 13.64%, 14.46%, 20.86%, and 25.35% for 1 K Hz, 2 K Hz, 3 K Hz, and 4 K Hz, respectively, in air ([Fig. 2](#fig0010){ref-type="fig"}F). In water, the variation is 8.88%, 10.34%, 12.57%, and 15.27% for 1 K Hz, 2 K Hz, 3 K Hz, and 4 K Hz, respectively ([Fig. 2](#fig0010){ref-type="fig"}H). The maximum (Max), minimum (Min), mean, and standard deviation (Std.) of the power in water ([Fig. 2](#fig0010){ref-type="fig"}G) and air ([Fig. 2](#fig0010){ref-type="fig"}I**)** are reported. There was a 14 °C temperature increase in the heatsink at a repetition rate of 4 K Hz; at 1 K Hz this was only 3.5 °C. For all conditions, we noticed a slight temperature increase (0.2-0.8 ° Celsius) on the actual LED surface.

The LED beam profile is a critical part of PAI systems, and light should be distributed equally on the sample. Different studies have reported different homogenized lateral illumination area. In the first report of handheld ultrasound/photoacoustic using a Q-switched laser, Niederhauser et al. \[[@bib0225]\] showed a homogenous illumination with a lateral size of 25 mm. Kolkman et al. \[[@bib0020]\] described a dual modality scanner with 20 mm as the lateral beam size by Nd:YAG laser. Daoudi et al. \[[@bib0125]\], reported 23 mm lateral beam size for their handheld probe integrating laser diode. The data in [Fig. 2](#fig0010){ref-type="fig"}D, E show a homogenous beam over ∼25 mm, which is comparable to the literature.

The temperature increase is due to the increased number of pulses---a higher repetition rate means a higher number of pulses in a specific time. In LEDs, the *p*-*n* junction diode emits light when activated, and LED light output varies as a function of this junction temperature. This local temperature increase is the main reason for LED power variations. Daoudi et al. \[[@bib0125]\] mentioned 5 to 10 ° in about 2 min of firing with repetition rate of 10 K Hz. Here, we noted that the PLED-PAI heatsink increased by 14 °C at a repetition rate of 4 K Hz; however, only a 0.2-0.8 Celsius temperature increase was observed on the LED surface.

3.2. Photoacoustic spatial resolution {#sec0075}
-------------------------------------

Spatial resolution is important for imaging systems and is defined as the ability to distinguish two small high contrast objects positioned very close together. [Fig. 3](#fig0015){ref-type="fig"}B shows the photoacoustic image of human hair inside agar phantom at a depth of 2 cm. The FWHM was calculated after preparing a Gaussian fit for axial resolution. This was defined as the axial resolution. Both lateral ([Fig. 3](#fig0015){ref-type="fig"}C) and axial ([Fig. 3](#fig0015){ref-type="fig"}D) profiles were analyzed for all conditions: 1 K Hz (32, 64, 96, 160, 320, 640, 1600, 3200, and 6400 averages), 2 K Hz (64, 128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), 3 K Hz (128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), and 4 K Hz (128, 256, 384, 640, 1280, 2650, 6400, 12800, and 25600 averages). The axial resolution for PLED-PAI is 268 μm ([Fig. 3](#fig0015){ref-type="fig"}E**)**, and there were no significant differences in lateral and axial profiles ([Figs. 3](#fig0015){ref-type="fig"}C, D).

[Fig. 4](#fig0020){ref-type="fig"}B, C, D, E, and F show photoacoustic images acquired using PLED-PAI for samples with 1.1 mm, 0.83 mm, 0.75 mm, 0.59 mm, and 0.55 mm line spacing, respectively. Lateral line profiles were plotted for all samples. The 550 μm spacing cannot be resolved ([Fig. 4](#fig0020){ref-type="fig"}G), but the 590 μm spacing can be distinguished (10 peaks/troughs seen in data, which corresponds to the number of parallel lines scanned). Thus, the photoacoustic lateral resolution is between 550 μm and 590 μm ([Fig. 4](#fig0020){ref-type="fig"}G). Importantly, these experiments used 70 ns pulse widths. By decreasing the pulse width and having higher frequency ultrasound transducers, we could improve the lateral and axial resolutions. This work is underway. However, as we emphasized in the introduction, low spatial resolution photoacoustic data has utility in many photoacoustic sensing rather than true photoacoustic imaging.

Spatial resolution in PAI systems highly depends on laser pulse width and ultrasound transducer specification such as number of element, central frequency, and element size. Niederhauser et al. \[[@bib0225]\] measured the axial resolution of 300 μm with central frequency of 5.5 MHz for their handheld PAI system with near infrared red laser pulses (60 ns) as illumination source and detected individual blood vessels with range of 100--300 μm. Daoudi et al. \[[@bib0125]\] utilized a diode laser with pulse width of 130 ns as excitation source and 128 element with a length of 5 mm and central frequency 7.5 MHz as ultrasound detection reported 280 μm for axial resolution and wide range of 400 μm -- 600 μm as lateral resolution. Kim et al. \[[@bib0230]\] calculated photoacoustic axial resolution of 400 μm for their handheld dual modality ultrasound/photoacoustic imaging system using a laser pulse of 6.5 ns and a central frequency of 5.5 MHz. Thus, we conclude that this system has spatial and axial resolution comparable to other handheld photoacoustic imaging tools.

3.3. Photoacoustic penetration depth {#sec0080}
------------------------------------

The ability to penetrate deep into tissue is important for many imaging applications \[[@bib0235]\]. We hypothesized that the LED-based system would have lower penetration depth because of its lower energy relative to OPO-based systems. Our goal here was to quantify the exact depth in chicken tissue. The photoacoustic images are shown [Fig. 5](#fig0025){ref-type="fig"}B, C, D, E, and G, and the results illustrate that at 1.8 cm and 2.4 cm, the target (pencil lead) is recognizable for all frame rates from 30 Hz to 0.15 Hz ([Fig. 5](#fig0025){ref-type="fig"}B, C). However, at 3.2 cm, the target is not detectable at 30 Hz, 15 Hz or 10 Hz ([Fig. 5](#fig0025){ref-type="fig"}G), but can be seen at 3.2 cm with a frame rate of 6 Hz and lower because at lower frame rates there is more averaging, which increases contrast ([Fig. 5](#fig0025){ref-type="fig"}D, E, F). [Fig. 5](#fig0025){ref-type="fig"}H shows contrast versus depth. [Fig. 5](#fig0025){ref-type="fig"}I, J show a photoacoustic image of a blood sample with a frame rate of 0.15 Hz at 1.5 and 2.2 cm, respectively. [Fig. 5](#fig0025){ref-type="fig"}K shows contrast versus two different depths of blood sample. The blood sample is detectable when the contrast is over than 3. The highest frame rate that could detect the blood sample was 1.5 Hz and 0.6 Hz at 1.5 cm and 2.2 cm, respectively. Error bars demonstrate the standard deviation along each measurement.

There are several parameters such as excitation source, excitation wavelength, transducer specification, and imaging target that have a significant effect on photoacoustic penetration depth. Kim et al. \[[@bib0230]\] demonstrated the capability of PAI using Nd:YAG laser to Image 5.2 cm deep inside the tissue. Recently, Zhou et al. \[[@bib0235]\] showed capability of PAI to image a specific target (stable phosphorus phthalocyanine) through 11.6 cm of chicken breast. While Daoudi et al. \[[@bib0125]\] reported penetration depth of up to 1.5 cm (frame rate of 0.43 Hz, averaging were used to increase photoacoustic SNR) using diode laser in their handheld PAI setup. Here, we illustrated the capability of the PLED-PAI to detect a strong optical absorber (pencil lead) inside chicken breast up to 3.2 cm deep with a frame rate of 15 Hz.

3.4. Exogenous contrast agent in photoacoustic imaging {#sec0085}
------------------------------------------------------

Exogenous contrast agents can be targeted for specific molecules or cells for preclinical and clinical applications. Photoacoustic contrast agents have significant feasibility to assist in monitoring and diagnosis of diseases \[[@bib0240]\]. We characterized the detection limit of some common small molecules used in photoacoustic imaging: ICG, MB, and DiR. These are NIR-sensitive, Food and Drug Administration (FDA)-approved contrast agents for both fluorescent and photoacoustic imaging. Various concentrations were scanned, and the detection limits were calculated at three standard deviations above baseline. [Fig. 6](#fig0030){ref-type="fig"}A, E, I show MIP images of high concentrations of ICG (640 μM, 320 μM, and 160 μM), MB (6 mM, 3 mM, and 1.5 mM), and DiR (592 μM, 296 μM, and 148 μM). [Fig. 6](#fig0030){ref-type="fig"}B, F, J shows the average photoacoustic intensity along all ten ROIs for each tube associated with [Fig. 6](#fig0030){ref-type="fig"}A, E, I.Fig. 6Evaluation of LED-based photoacoustic imaging system for exogenous contrast agents. A) MIP image of ICG solutions (640 μM, 320 μM, 160 μM, and DI water) with high concentration as positive control inside Teflon light wall tubes. B) Statistical analysis of data in A. C) MIP image detection limit experiment for ICG (36 μM, 18 μM, 9 μM, and DI water). D) Statistical analysis of data in C. E) MIP images of MB solutions (6 mM, 3 mM, 1.5 mM, and DI water) with high concentration as positive control inside Teflon light wall tubes. F) Statistical analysis of data in E. G) MIP image detection limit experiment for MB (1.5 mM, 0.75 mM, 0.37 mM, and DI water). H) Statistical analysis of data in G. I) MIP images of DiR solutions (592 μM, 320 μM, 148 μM, and DMSO) with high concentration as positive control inside Teflon light wall tubes. J) Statistical analysis of data in I. K) MIP image detection limit experiment for DiR (136 μM, 68 μM, 34 μM, and DMSO). L) Statistical analysis of data in K. All the error bars demonstrate standard deviation between different ROIs in each tube. Scan size is 10 mm.Fig. 6

[Fig. 6](#fig0030){ref-type="fig"}C, G, K show MIP images for the detection limit of ICG (36 μM, 18 μM, 9 μM, and DI water), MB (1.5 mM, 0.75 mM, 0.37 mM, and DI water), and DiR (136 μM, 68 μM, 34 μM, and DMSO). [Fig. 6](#fig0030){ref-type="fig"}D, H, L show the average photoacoustic intensity along the ROIs. The error bars show the standard deviation between ROIs in each tube. The limit of detection for ICG, MB, and DiR is 9 μM, 0.75 mM, and 68 μM, respectively when 850 nm is used for ICG and DiR and 690 nm is utilized for MB. The power for the LED-based system at 690 nm is almost three-fold lower than that at 850 nm. This might explain the worse detection limit for MB rather than ICG and DiR. This experiment also highlights how LED-based systems are limited by the choice of wavelength. While OPO-based systems use a tunable wavelength, this system can only use two wavelengths. Thus, it can be challenging to carefully match the absorption peak of the contrast agent with the excitation source. Nevertheless, many species absorb strongly at 690 nm or 850 nm and customized LED sets are available for ratiometric imaging.

3.5. *In vivo* imaging using PLED-PAI {#sec0090}
-------------------------------------

After measuring and evaluating the important features such as LED beam characterization, spatial and temporal resolution, penetration depth, and capability of detection exogenous contrast agent, we next performed *in vivo* experiments to demonstrate the feasibility of PLED-PAI for clinical applications. We and others \[[@bib0245], [@bib0250]\] have previously used photoacoustic imaging for stem cell imaging. Here, we used labeled cells to understand the *in vivo* performance of this LED-based system. We used DiR which has been demonstrated as an effective contrast agent for cells checking \[[@bib0255], [@bib0260]\].

[Fig. 7](#fig0035){ref-type="fig"}A, E, I show photoacoustic images before injection of DiR, DiR @ HMSC, and HMSC, respectively. The needle generates strong photoacoustic signal and overlaying the photoacoustic data with the ultrasound images offers more comprehensive structural information in addition to functional details from DiR-labeled cells. [Fig. 7](#fig0035){ref-type="fig"}B, F, J demonstrate B-mode photoacoustic/ultrasound images before injection. [Fig. 7](#fig0035){ref-type="fig"}C, D shows photoacoustic and photoacoustic/ultrasound images of injected DiR in the mice, respectively. These figures show strong photoacoustic signal in the presence of DiR. [Fig. 7](#fig0035){ref-type="fig"}G shows capability of PLED-PAI to detect cells labeled with contrast agent. DiR was used as contrast agent for labeling the HMSCs. Unlabeled HMSCs were also injected as control ([Fig. 7](#fig0035){ref-type="fig"}K,L), but there was no increase in photoacoustic signal. Here we demonstrated the feasibility of PLED-PAI for *in vivo* studies including photoacoustic cell imaging.Fig. 7*In vivo* evaluation of PLED-PAI. A) Photoacoustic image when needle is subcutaneously injected on spinal cord area before DiR injection. The needle has strong photoacoustic signal. B) Photoacoustic/ultrasound image of A. C) Photoacoustic image after subcutaneously injection of DiR**.** D) B-mode photoacoustic/ultrasound image of C**.** E) Photoacoustic image when needle is subcutaneously placed on the spinal cord area before HMSC labeled with DiR (DiR @ HMSC) injection. F) B-mode photoacoustic/ultrasound image of E. G) Photoacoustic image after injection of HMSC labeled with DiR (DiR @ HMSC) on spinal cord. H) B-mode photoacoustic/ultrasound image of G. I) Photoacoustic image in presence of needle before injection of unlabeled HMSC as control experiment. J) B-mode photoacoustic/ultrasound image of I. K) Photoacoustic image of HMSC as control. This image shows no photoacoustic signal for HMSC. L) B-mode photoacoustic/ultrasound image of K.Fig. 7

To further understand the clinical utility of the PLED-PAI, two more experiments were conducted. First, we studied a fresh enucleated rabbit eye embedded in 1% agar. [Fig. 8](#fig0040){ref-type="fig"}A, B, C and D demonstrate a B-mode ultrasound image, B-mode photoacoustic/ultrasound image using 690 nm, 850 nm, and concurrent 690 and 850 nm excitation, respectively. The retinal vessels are shown with a dotted yellow Box 2 cm deep. Photoacoustic imaging of the two different wavelengths can facilitate retinal oxygen saturation measurements, but this is beyond the scope of this study. Second, PLED-PAI was utilized to image the superficial blood vessels from human volunteer wrist (Supplementary Video 1). [Fig. 8](#fig0040){ref-type="fig"}E shows the photoacoustic image of human wrist. Skin and vessels are shown with yellow arrows.Fig. 8Evaluation of PLED-PAI on rabbit eye. A) B-mode ultrasound image when fresh enucleated rabbit eye was embedded in 1% agar. B) B-mode photoacoustic/ultrasound image of rabbit eye using 690 nm C) B-mode Photoacoustic/ultrasound image of rabbit eye using 850 nm**.** D) B-mode photoacoustic/ultrasound image when both 690 and 850 nm are used at the same time. Retinal vessels are imaged in depth of 2 cm. E) Photoacoustic image of skin and vasculature. Skin and blood vessel are shown using yellow arrows. See also video in Supporting information.Fig. 8

4. Conclusions {#sec0095}
==============

In this paper, we describe a portable LED-based dual modality (ultrasound/photoacoustic) PAI system. We characterized the LED beam profile and showed that a region up to 25 mm could be imaged with a homogenous plane of light. The lateral spatial resolution was 550--590 μm, and the axial resolution was 268 μm. Temporal resolution up to 30 Hz could be achieved with penetration depths of up to 2.4 cm for pencil lead. Blood is detectable upon to 2.2 cm through chicken breast tissue with a frame rate of 0.6 Hz. We used the PLED-PAI for three well-known exogenous contrast agents (MB, ICG, and DiR) and labeled cells and showed detection limits suitable for *in vivo* imaging. We also showed the feasibility of PLED-PAI for retinal vessel monitoring.

The use of LEDs as an illumination source introduces both limitations and advantages. First, the LEDs cannot be tuned, which eliminates photoacoustic spectroscopy. Second, the pulse width of the LED was 70 ns, which affects the stress confinement satisfaction and can impact the efficiency of acoustic wave generation. Third, LEDs have low power---this can limit penetration depth at fast frame rates or temporal resolution at low frame rates. However, there are also many advantages to these systems including a significant decrease in cost, smaller footprint, lack of laser calibration and monitoring, and no need for optical goggles or light-tight shields. Thus, LED-based systems are ideal for personalized or wearable photoacoustic equipment, and we imagine that this technology could have broad utility in a number of therapeutic drug monitoring applications.
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